Purpose: Raman spectroscopy is a promising cancer detection technique for surgical guidance applications. It can provide quantitative information relating to global tissue properties associated with structural, metabolic, immunological, and genetic biochemical phenomena in terms of molecular species including amino acids, lipids, proteins, and nucleic acid (DNA). To date in vivo Raman spectroscopy systems mostly included probes and biopsy needles typically limited to single-point tissue interrogation over a scale between 100 and 500 microns. The development of wider field handheld systems could improve tumor localization for a range of open surgery applications including brain, ovarian, and skin cancers. Methods: Here we present a novel Raman spectroscopy implementation using a coherent imaging bundle of fibers to create a probe capable of reconstructing molecular images over mesoscopic fields of view. Detection is performed using linear scanning with a rotation mirror and an imaging spectrometer. Different slits widths were tested at the entrance of the spectrometer to optimize spatial and spectral resolution while preserving sufficient signal-to-noise ratios to detect the principal Raman tissue features. The nonbiological samples, calcite and polytetrafluoroethylene (PTFE), were used to characterize the performance of the system. The new wide-field probe was tested on ex vivo samples of calf brain and swine tissue. Raman spectral content of both tissue types were validated with data from the literature and compared with data acquired with a single-point Raman spectroscopy probe. The single-point probe was used as the gold standard against which the new instrument was benchmarked as it has already been thoroughly validated for biological tissue characterization. Result: We have developed and characterized a practical noncontact handheld Raman imager providing tissue information at a spatial resolution of 115 microns over a field of view >14 mm 2 and a spectral resolution of 6 cm À1 over the whole fingerprint region. Typical integration time to acquire an entire Raman image over swine tissue was set to approximately 100 s. Spectra acquired with both probes (single-point and wide-field) showed good agreement, with a Pearson correlation factor >0.85 over different tissue categories. Protein and lipid content of imaged tissue were manifested into the measured spectra which correlated well with previous findings in the literature. An example of quantitative molecular map is presented for swine tissue and calf brain based on the ratio of protein-tolipid content showing clear delineations between white and gray matter as well as between adipose and muscle tissue. Conclusion: We presented the development of a Raman imaging probe with a field of view of a few millimeters and a spatial resolution consistent with standard surgical imaging methods using an imaging bundle. Spectra acquired with the newly developed system on swine tissue and calf brain correlated well with an establish single-point probe and observed spectral features agreed with previous finding in the literature. The imaging probe has demonstrated its ability to reconstruct molecular images of soft tissues. The approach presented here has a lot of potential for the development of surgical Raman imaging probe to guide the surgeon during cancer surgery.
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INTRODUCTION
In oncology, surgical resection remains the first line of defense against most solid cancers with patient outcome directly impacted by residual cancer tissue and cells. This is because residual cells are the cause of recurrences [1] [2] [3] and achieving a high degree of tumor resection can positively impact the potency of adjuvant therapies including chemotherapy and radiotherapy. While surgical approaches and strategies greatly vary across pathologies and organ sites, the need for highly accurate cancer detection approaches is common to all surgical oncology procedures. For instance, in prostate, the whole organ is often resected but cancer can invade beyond the prostate; 4 in skin and breast cancer, it is common to resect safety margins to reduce the likelihood of residual tissue but minimizing the size of these margins can have a positive clinical impact; 5, 6 in gynecological cancers (e.g., ovarian cancer), several organs are removed as a precautionary measure but there often remains tumor nodules in the abdominal cavity. For other pathologies including brain tumors (e.g., gliomas), surgical strategies are different requiring normal tissue removal to be minimized to limit the impact on neurological functions but achieving resections as complete as possible critically affects patient survival. 7 In modern medicine, surgical planning is achieved based on contrast detected preoperatively using conventional imaging techniques including magnetic resonance imaging, computed tomography, ultrasound, and nuclear medicine functional imaging techniques such as positron emission tomography. For some surgical applications (e.g., neurosurgery), preoperative images are spatially registered with the coordinates of the operating room using sophisticated navigation techniques. However, co-registration methods and organs shifts can lead to large registration errors making it difficult to localize margins 8 and high costs of such instrumentation can be prohibitive. As a result, for most surgical oncology applications surgeons must rely on visual inspection and palpation of the tissue, which lacks sensitivity and specificity for detecting subtle molecular changes associated with differences between cancerous and normal tissue, thereby often limiting the surgeon's ability to remove the full extent of a tumor or leaving behind small tumor nodules. There is thus a critical need for a dedicated tool for highly accurate margins assessment to assist surgeons and improve the completeness of cancer resection.
Over the past few decades, label-free imaging techniques exploiting intrinsic optical tissue contrast (e.g., fluorescence, 9 diffuse reflectance, 10 Raman spectroscopy 11 ) have shown potential in oncology to be used as surgical guidance tools. 12 In particular, Raman spectroscopy (RS) distinguishes itself from fluorescence and diffuse reflectance by providing highly specific information relating with molecular bonds in amino acids, lipids, proteins, and nucleic acid (DNA). 13 RS is based on the detection of inelastically scattered light following tissue excitation with a near-infrared laser. However, inelastic scattering events resulting from the excitation of vibrational molecular bonds are relatively rare, occurring approximately for 1 over 10 7 photonic events. High-quality optics and filters combined with frequency-stabilized laser and sensitive spectroscopic cameras are required to detect and isolate the Raman signal from large background signals associated with elastic scattering (Rayleigh scattering), tissue fluorescence, and depending on the application, ambient light sources. Improvements in laser and sensor technologies over the past decade have led to progress in Raman spectroscopy technology making its applicability for surgical applications possible 11 noticeably in the form of single-point probe designs.
14 Those instruments are implemented using fiber optics to relay illumination and detection through a small probe that can be held by the surgeon. Several groups have shown discrimination of cancerous tissues in real time using those probes with an average accuracy >85%. [15] [16] [17] [18] However, current probes are restricted to single-point analysis, interrogating a surface from roughly 100 to 500 lm.
Imaging rather than single-point probes could benefit surgeons allowing more complete visualization of the tumor extend close to margins. Such probes could also be used as auxiliary instruments by pathologist to quickly analyze biopsies. Clear visualization of tumor margins was shown in in vivo in mice using coherent Raman imaging, 19 or a raster scanning point probe. 20 However, the applicability of those implementations is limited either by the small field of view or prohibitively large imaging times. Moreover, these instruments are expensive, bulky and may require the sample to move for scanning purposes. Some Raman imaging probe implementations have shown promises for faster clinical translation as surgical guidance tools. One probe was developed by using a miniaturized scanning system at the tip of a probe, but the field of view was limited to a diameter below 100 lm. 21 Other probes were developed using fibers array spectral translation composed of a few dozens of optical fibers aligned to capture an image at the tip of the probe and reorganized at the detection end along the slit height on the spectrometer. This method was used successfully by a few groups to image blood cells, 22 chemical components, 23 and soft tissue. 24 However, the discretization of the image is limited to the number of spectra simultaneously acquired by the spectrometer. Another option is to use a coherent bundle of fibers composed of few thousands of coherently aligned optics fibers in which an image captured at its proximal end can be displayed at its distal end without any loss of integrity. Imaging bundles were used in the past for the design of fluorescence and reflectance probes for biological applications. 25, 26 More recently, an imaging bundle was used in a Raman imaging probe developed by our group with a field of view of 25 mm 2 and a spatial resolution of 55 lm. 27 The probe allowed for differentiation between fat and muscle of swine tissue based on molecular contrast. However, the imaging system was limited by its spectral resolution of 95 cm À1 and a poor signal transmission.
Here we are presenting the development and characterization of a noncontact 2 cm working distance handheld Raman imaging probe with a spatial resolution <115 lm and a spectral resolution of 6 cm À1 over a field of view of 14 mm 2 and a spectral domain covering the whole biological tissue fingerprint region. A tissue imaging proof-of-principle is presented that is not specifically aimed at any particular oncology application, setting the stage for the technique to be tested for surgical guidance in the scope of clinical studies during open surgery procedures such as in skin, breast, and brain cancer. Development steps are presented leading to a system achieving a spectral resolution and a light throughput suitable to detect the main Raman features associated with biological tissue. Our study details the principal characteristics of the system and discusses the data processing steps leading to the retrieval of calibrated hyperspectral Raman images in less than 100 s leaving further optimization to reduce imaging time for later work. Nonbiological samples of calcite and PTFE were used to characterize the spectral resolution and linearity of the system. An ex vivo proof-of-principle is presented using calf brain and swine tissue samples demonstrating molecular images can be created to distinguish tissue types based on Raman contrast. Validation of the system is achieved by comparing spectra from the new system with data obtained using a proven single-point Raman spectroscopy probe as the gold standard.
MATERIALS AND METHODS

2.A. Mesoscopic Raman imaging system
2.A.1. Hardware and probe
The Raman spectroscopy (RS) system is composed of a handheld imaging probe and an illumination/detection module. Figure 1 presents a schematic of the system's main components, as well as a photograph of the probe. The imaging probe [ Fig. 1(a) ] includes a side port for wide-field sample illumination and a back port for hyperspectral signal detection. A monochromatic wavelength-stabilized laser centered at 785 nm (Innovative Photonic Solution, Monmouth Junction, NJ, USA) is controlled with analog tension and coupled to the illumination port. The laser can deliver up to 1.5 W and is filtered using a 785 AE 3 nm laser line filter (Semrock, Rochester, NY, USA) prior to being redirected toward the imaging optics of the system [ Fig. 1(b) ] using a dichroic notch filter centered at 785 nm (Semrock) with optical density (OD) >5. A 6 mm diameter light field illuminates the sample and the working distance of the detection optics is 20 mm. To maximize the homogeneity of the illumination field, an iris is disposed along the illumination path with aperture opening adjusted to keep only light that is~60% of the maximum intensity of the Gaussian output beam.
Backscattered light from the sample is transmitted through the dichroic notch filter responsible for rejecting the Rayleigh component (elastic scattering) of the signal. The imaging bundle has a 91 cm length and consists of a square array of 400 9 400 fibers with 10 lm diameter each, a numerical aperture (NA) of 0.6 and an average light transmission of 45% (Schott, Southbridge, MA, USA). The detection subassembly projects complete images of the proximal end of the bundle onto the entrance slit of the spectrometer. The scanning mirror ensures full Raman spectroscopic images can be reconstructed by moving the projected images onto the entrance slit of the spectrometer. The scanning mirror consists of a 25 mm circular aperture mounted onto a singleaxis galvanometer (Model 6240H, Cambridge Technology, Cambridge, MA, USA). A field of view (FOV) of 4.0 mm by 3.5 mm was measured along the scanning axis (X axis) and along the detector slit height (Y axis), respectively. The spectrometer (Emvision LLC, Loxahatchee, FL, USA) has a 1:1 magnification and was custom-built to accommodate three interchangeable slits. Choosing slits with different widths allowed to find an optimal compromise between light throughout and spectral resolution. An annealed long-pass filter centered at 808 nm (Semrock) ensures rejection of any residual Rayleigh scattering light. Inelastically scattered light detection is achieved using a back-illuminated CCD camera with a rectangular chip (Newton 920BR-DD, cooled down to À50°C, QE > 90% at 850 nm). The sensor has 256 9 1,024 pixels of 26 lm size and can detect up to 256 spectra associated with the image of a line on the sample. The optics of the system was designed ensuring each line is projected along the shorter length (6.6 mm) of the chip through the length of the entrance slit. The sensor can detect up to 1,024 spectral features in the fingerprint RS region from 807 to 932 nm (355 to 2,000 cm À1 ). The camera is limited to~6 frames/s when operating at is the maximum read-out rate. A shutter (model CH-61, EOPC, Ridgewood, NY, USA) is placed at the entrance slit to eliminate smearing effect caused by the generation of undesired signals during the read-out process.
2.A.2. Custom software for instrument control and data acquisition
Data acquisition and hardware control were performed using a custom Labview software (National Instruments, Austin, TX, USA) with the laser, scanning mirror, shutters, and imaging spectrometer synchronized using a USB-6351 multifunction I/O device (National Instruments). The software allows sequential data acquisition for hyperspectral lines on the tissue, then shifts the mirror to the next position before another cycle of acquisition is initiated. The process continues until line scanning covering the entire predetermined field of view is completed. The line images are then concatenated to create a hyperspectral map [Fig 1(c) ]. The software acquires 30,720 spectra per acquisition, over an area of 4.0 9 3.5 mm. Total acquisition time will vary depending on tissue properties (absorption, elastic scattering, and fluorescence) and so should be optimized for each application. For example, a 700 ms integration time per spectral line (256 spectra) leads to a SNR (maximum peak intensity divided by standard deviation of the noise) of 9.75 per spectrum on the CH 2 peak at 1,438 cm À1 for ex vivo porcine adipose tissue.
2.B. System optimization and characterization
The slit width of the spectrometer affects the spectral resolution and the amount of light collected, as well as the spatial resolution of each line imaged on the tissue surface. Here data analysis associated with three different slit widths (50, 75, and 100 lm) was considered to find the optimal compromise between spectral resolution, light throughput, and spatial resolution for tissue imaging. To this end, a thorough system characterization study was conducted evaluating the impact of slit width on each of those parameters. The three slit width values were selected based on theoretical computations insuring a spatial resolution <125 lm, and a spectral resolution below 8 cm À1 can in principle be achieved allowing to accurately resolve the principal Raman features associated with biological tissue. 28 
2.B.1. Spectral resolution
The spectral resolution of the system was evaluated using a sample of calcite which has a strong and narrow Raman peak centered at 1,085 cm À1 that is commonly used as a standard to measure the spectral resolution of Raman systems. 29 The sample was imaged with 400 ms integration time per spectral line using each of the three slit widths. The full width at half maximum (FWHM) of the calcite peak was evaluated for each spectrum acquired and used to compute the spectral resolution. 29 
2.B.2. Spatial resolution and system response
A standard USAF 1951 transmission resolution target was imaged using a tungsten lamp to evaluate the spatial resolution of the system. Images were registered with [60, 80, 100, 120, 140, 160, and 200] motor steps for each entrance slit using a constant 100 ms integration time. All acquired images were averaged along the spectral axis before being normalized by the spatial illumination of the source measured from a uniform region on the target. To evaluate the spatial resolution, the contrast associated with each group element within the target was evaluated along both the X and Y axes by computing the ratio between the average normalized intensity of the reflective glass lines and the metallic spacing used as a reference. Spatial resolution was defined by the element with a minimal contrast value of 27% in accordance with the Rayleigh criterion. 30 Spectral acquisitions were made of a uniform polytetrafluoroethylene (PTFE) sample to assess the linear response of the system in terms of signal and noise using the signal-tobackground ratio (SBR) associated with specific Raman peaks as a surrogate. The PTFE has several peaks of different intensities over the spectral range of the system. The sample was imaged with different integration times and entrance slits using a constant laser power of 950 mW. One representative spectrum was obtained from each Raman image by averaging five spectra across the field of view. For each representative spectrum, four peaks were selected for processing: 731 cm . The maximum intensity and the background values were computed and divided to obtain the SBR. Here the background is mainly associated with spectral widening of Raman spectral bands and stray light generated along the optical path by the elastic scattering, accepted inside the spectrometer and projected as a continuous spectrum on the CCD sensor of the camera. Background is estimated for each peak as the average intensity from either side of each peak.
2.C. Data calibration
All spectra and images presented in this study were submitted to the same calibration and data preprocessing procedures: (a) spectral calibration, (b) dark count removal, (c) correction for the system's spectral and spatial responses, and (d) background subtraction. Those data processing steps are now briefly described. Equation (1) models the raw signal acquired for each spatial position x i , y i and wavenumber m i (i = 1, 2, . . ., N, where N is the total number of pixels) where t is the integration time and I the intensity of the excitation light. 
The The first correction step allowed for spectral calibration on the camera sensor. The calibration associating all 1,024 pixels to their Raman shift axis must be done independently for each of the 256 spectral lines to correct the smile aberration that causes translation of up to 0.7 nm (9.4 cm À1 ) between spectral features at the bottom of the sensor and at the middle of the sensor. The calibration was performed using acetaminophen as it exhibits several strong spectral features over the spectral domain of the system. These data were used to determine the Raman shift axis for each pixel position. Spectral content was limited and calibrated from 940 to 1,800 cm
À1
. Following this procedure, all pixels of the Raman image were expressed on a common spectral base and post treatment in Eq. (2) was applied for each pixel of the hyperspectral image.
The second step of the calibration procedure required a measurement without any laser excitation at the beginning of every set of measurements to estimate the raw dark count Dðm; I; tÞ and subtract it. As light sources in the room were constant throughout the experiments, only one dark count measurement was needed for all subsequent measurements performed with the same integration time. The third step addressed the system efficiency, both spatially (laser illumination profile across the field of view) and spectrally (spectral response of all optical components). Spatial efficiency E xy was calculated using the intensity map of the 1,302 cm
Raman peak of Teflon obtained from a uniform sample. The intensity map was normalized to unity and pixels below a third of the maximal value were associated with dead pixels in the image. The instrument's spectral response function E m was also measured in this step using a 785 nm Raman standard (Model SRM2241, National Institute for Standards and Technology (NIST), Gaithersburg, MD, USA) which generates a fully characterized luminescence spectrum R T ðmÞ. Ten measurements were performed on the Raman standard to minimize the contribution from the noise and spectral response E m ðmÞ was isolated in each pixel by dividing the measure by R T ðmÞ.
The fourth and final calibration step addressed mainly the background removal. The background spectrum includes stray light accepted inside the spectrometer, spectral bands widening and potentially autofluorescence generated by some biological tissue. Here, a similar method to iterative polynomial regression 31 was used, and consisted of a smooth curve estimation using the smooth function of Matlab through a large window. The size of the window was chosen so that it was at least 3 times larger than the typical larger of one Raman peak resulting in 90 spectral features. Noise filtering was also applied at the end of the post treatment on Rðm; I; tÞ using a SavitzkyGolay filter (windows: 15, fit: 2nd order).
2.D. Ex vivo animal specimen imaging
To further characterize imaging performances of the imaging system, experiments were conducted imaging ex vivo animal specimens namely calf brain and tissue along the longissimus dorsi muscle of a swine. Samples were purchased from the grocer, cut in slices of approximately 1 cm thick and frozen overnight between two flat surfaces to surface targeted for imaging is a flat as possible. Measurements were performed the next day at an ambient temperature of 20°C over tissue regions containing two tissue types of interest: gray and white matter for calf brain, fat, and muscle tissue on swine meat sample. For calf brain acquisitions, integration time was fixed at 900 ms per spectral line for a total acquisition time of 123 s when adding the read-out time and the shutter transfer time of the camera. The laser power was set at 950 mW over an area of 28 mm 2 , which represent an intensity of 33.9 mW/mm 2 . The same power was used over the sample of swine tissue, but the integration time per spectral line was reduced to 700 ms for a total acquisition time of 100 s. Each hyperspectral image was postprocessed using the procedure outlined in Section 2.C.
An initial experiment was planned in order to benchmark spectra acquired with the wide-field probe (WFP) against measurements from an established single-point probe (SPP). 32 For SPP measurements, integration time was fixed at 150 ms per point and averaged over three different acquisitions for a total of 450 ms. The contact SPP illuminated an area of 0.2 mm 2 with a laser power of 50 mW, which represents an intensity of 250 mW/mm 2 . To quantify the similarity between the spectra acquired with both systems, the Pearson correlation factor (R) was calculated on the overlapping spectral region from 950 cm À1 to 1,650 cm À1 . A second experiment was designed to assess the ability of the WFP to detect known Raman tissue signatures in brain and swine meat. Table I presents the principal Raman shifts associated with both of those tissues as well as the main sources of vibrational contrast.
A third experiment was designed to test whether or not Raman images obtained with the WFP can be used to recreate tissue maps with molecular specificity at mesoscopic scales. To this end, images were formed based on the contrast associated with ratios between peaks whose intensity changes between tissue types. Peaks, spectral widths, and spectral regions were carefully chosen to maximize molecular information and to ensure strong Raman signal-to-noise ratios inuring highest quality images. The first ratio was obtained by dividing the lipid peak at 1,438 cm À1 (scissor deformation of CH 2 ) with the integral over a spectral region (1,605 to 1,640 cm À1 ) capturing peaks associated with several proteins including tyrosine, phenylalanine, and amide I band. The molecular interpretation of this ratio is that it correlates with the concentration of lipids. A second ratio was computed by dividing the lipid and protein peak at 1,265 cm À1 with a pure lipid peak at 1,296 cm
À1
. The molecular interpretation of this ratio is that it correlates with the concentration of proteins. Both ratios were computed for each pixel and encoded in different colormaps for visual representation. Each colormap channel was normalized to its minimal and maximal values. Table II and Fig. 2 present a system performance evaluation in terms of spectral resolution, spatial resolution, and signal-to-background ratio (SBR) to be used as a basis to select the optimal slit width, number of motor steps, and integration time per line for tissue imaging. The spectral resolution of the system was measured using calcite for each of the three slit widths and are reported in Table II . The theoretical values associated with each measurement are also listed and were computed using a spectrometer bandpass formula. 37 Measured resolutions were always larger compared with the theoretical values by >25% because experimental peak detection always includes at least a minimum of three pixels. Based on this evaluation, a slit width of 75 lm and less lead to a spectral resolution <8 cm À1 and would allow principal tissue Raman peaks to be imaged.
RESULTS
3.A. Characterization of the mesoscopic Raman imaging system
SBR analyses are only presented for the Teflon (PTFE) peak at 1,302 cm À1 as it leads to the same conclusions as the other peaks that were considered. The SBR as a function of integration time for different slit widths is shown in Fig. 2(a) . For low integration time, SBR presents a clear advantage for larger slits because of the increased light throughput and improved signal-to-noise ratio (SNR) associated with the inelastic scattering part of the signal. For sufficiently large integration time, Raman signal is less affected by the noise and both the Raman and background components of the raw signal are increasing linearly with integration time causing the SBR to asymptotically converge to a maximum value. For Teflon, this critical time to reach the plateau is around 400 ms but it will differ for different materials and will be longer in biological tissue because of the presence of larger background as more important autofluorescence signal may adds up to the background. For larger slits, the spectral content of each peak will spread out over more pixels (degradation of spectral resolution, see below) and the total intensity per pixel will decrease. The background intensity is not affected by the spectral resolution as it is continuous over the spectral range and therefore larger slits may not give optimal SBR for large Raman SNR as shown by all the slit reaching the same asymptotic value. However, as the signal of biological tissue is expected to be smaller than for Teflon the integration time required to reach the SBR plateau may be larger and therefore a larger slit should be privileged to optimize signal detection. Although the 100 lm slit width should be selected based on the SBR analysis, as shown above it does not fit the spectral resolution requirement for the system. Based on the SBR analysis and spectral resolution constraint, a slit width of 75 lm should be selected as its SBR value is larger than 50 lm yet very close to 100 lm for integration times above 400 ms. However, because of the expected smaller Raman signal in tissue, a minimum value of 700 ms is chosen moving forward with the tissue experiments. Figure 2 (b) presents the spatial resolution of the system along the X and Y axes of the image for all three slit widths as a function of motor steps. The spatial resolution along the Y axis is limited by the constant value of 62 lm due to aberrations generated by optical components in the detection path. The spatial resolution along the X axis is mainly limited by the entrance slit width and the number of motor steps. Fewer motor steps lead to a poorer spatial resolution and as the number of steps increases the spatial resolution sharpens until it reaches a slit width-limited maximal spatial resolution at about 120 motor steps for all slit widths. Although the optimal spatial resolution is associated with the 50 lm, the gain of <10 lm in spatial resolution compared with the 75 lm slit does not justify the loss in light throughput.
3.B. Ex vivo animal specimen imaging
Based on the system characterization results from Section 2, the main specifications and acquisition parameters retained for tissue imaging are reported in Table III . Briefly, the 75 lm slit width was used to ensure a spectral resolution of approximately 6 cm À1 because it is suitable for discerning most of the spectral components of biological tissue. The number of motor steps was fixed at 120 as very few improvements were observed for larger motor steps. The resulting spatial resolution was 115 lm and 62 lm along the X and Y axes, respectively. Raman spectra acquired with the SPP and WFP for gray matter and white matter, respectively. Figure 3(e) and 3(f) show the same information for adipose and muscular tissue in porcine tissue, respectively. The Pearson correlation factors were R = 0.87 and 0.85 for gray matter and muscle. Fat and white matter spectra showed higher correlation factors with R > 0.97. Figure 4 presents a comparison between WFP spectra of different tissue types in calf brain and porcine tissue. The main tissue peaks were labeled with containing mostly protein and/or lipids according to the molecular vibrations listed in Table I . As previously reported, white matter presents a higher content in saturated lipids which resulted in an increase of the peaks at 1,065, 1,296, and 1,438 cm
3.B.2. Identification of main tissue peaks
À1
. 38 Gray matter, on the other hand, presented a larger concentration of protein which resulted in a sharper peak at 1,002 cm À1 associated with phenylalanine and higher peak intensities at 1,608, 1,620, and 1,640 cm
. 35 Similar behavior can be observed on swine tissue where muscle is shown to present several spectral features associated with high protein content, 34 while adipose tissue presented a larger concentrations of fatty acid. 33, 36 As muscle tissue also contains fatty acids, the protein peaks close to the lipid peaks might have been overwhelmed by the contribution of lipid signal from those tissues. 
3.B.3. Molecular image reconstruction
The system's capability to recreate molecular image was validated by forming images based on contrast associated with peak ratios predominantly representing either lipid or protein content. Figures 5(a) and 5(c) present the imaging results for the calf brain specimen, while Figs. 5(b) and 5(d) show the corresponding swine tissue results. In those images, the green color map represent the protein-rich ratio, whereas the blue color map scales with the ratio that correlated with lipid-rich content. As was expected, both the gray matter and the muscular tissue show a high protein content, while white matter and adipose tissue show a higher concentration of lipids. The frontier between different types of tissue is depicted with a dash line overlay on both the white-light and reconstructed images.
DISCUSSION AND CONCLUSIONS
In this study, a mesoscopic wide-field Raman imaging probe was developed using an imaging bundle of fibers. This work represents the first attempt toward the development of a practical Raman imaging handheld probe with a mesoscopic field of view of 3.5 9 4.0 mm and respective spatial resolutions of 62 lm and 115 lm along Y and X axis and spectral resolution of 6 cm
À1
. Ex vivo animal specimens were successfully imaged to generate maps of Raman spectra. The implementation of this system compared well with state-ofthe-art single-point RS probes. It also allowed for visualization of Raman shifts as predicted in the literature.
To preliminarily demonstrate the ability of the system to detect margins between different tissue types, molecular maps of calf brain and swine tissue were generated based on ratio of protein and lipid contents showing clear delineations between white and gray matter as well as between muscle and adipose tissue. In the literature, other groups have used the ratio between lipid and protein Raman peak to discriminate between cancerous and normal tissue. 15, 19, 39 Under the hypothesis of future successful measurements of tumor tissue with the system, the approach used here could potentially be used to discriminate between cancerous and normal tissue based on spectral features associated with protein and lipid content. However, even if the reconstructed images in Fig. 5 show a dominant green and blue color over their respective tissues type, there is a 500 lm region around the edge of both tissues that is not well defined. As the illumination covers the entire field of view for each spectral line acquisition, detection in each point may have been affected by spatially offset Raman scattering leading to migration of photons generated deeper in the tissue up to a point on the surface spatially offset from the illumination. 40 Signal generated by the illumination over the fat tissue may diffuse up to reach the surface of muscle tissue leading to a blurry edge between the two tissues. This problem could be corrected along one axis of the image using line scanning illumination, but this would require the addition of a scanning illumination system inside the probe. Here, we hypothesized that most of the signal was collected from the top few hundred micron layers as previously reported with a single-point probe. 41 Therefore, detection of diffused photons arising from deeper in the tissue may have contributed to making the tissue frontiers blurry. We intend to characterize more precisely the depth response of the system in biological tissue in a future study. Other factors such as the tilt and roughness of the surface sample may also explain the blurry edges.
Minor differences in the spectra from both probes (Fig. 3 ) can be observed especially between 1,000 and 1,200 cm
for white matter where a single peak is observed with the SPP while two peaks are resolved with the WFP. The widefield system has a spectral resolution of 6 cm À1 which is more than twice that of the SPP which allowed the resolution of more peaks. Another source of variations between measured spectra may arise from the background estimation that slightly differs between the two systems as neither of it covered the same spectral range. Both estimated very similar background spectrum inside their own spectral region; however, a more important error was noticed when spectral range border was overlapping with a peak. For example, muscle tissue has important peaks between 800 and 1,100 cm À1 leading to a difficulty in estimating the background in this region for WFP measurement -for which the spectral range begin at 940 cm À1 -resulting in a lower correlation in this specific region. Even if the shape is not perfectly correlated in this region, similar peak can be identified with both probe. A similar error can be observed at the upper edge of the spectral limit of the SPP measurements around 1,600 cm
. The correlation also decrease for gray matter and muscle tissue as the SNR of those tissues is lower.
Single-point probes are considered as the state-of-the-art technology for Raman spectroscopy in oncology as they have shown the ability to discriminate cancerous tissue in vivo with accuracy higher than 85%. [15] [16] [17] [18] To translate any other technology into a surgical guidance tool, one should aim at SNRs equivalent to SPP. The SPP used in this study illuminated a sample surface of 0.5 mm diameter and converted all of that signal into one spectrum. With the WFP, signal collected from the illuminated area is divided by the number of pixels that compose the image. Therefore, the signal available for the mesoscopic system was divided by approximately 400 compared to the single-point Raman probe. Calculated SNR for the strong peak of CH 2 at 1,438 cm À1 reach value of~40 on white matter using the SPP while the same SNR calculated for the WFP drop to~7. Under the current acquisition parameters, integration time for the WFP is 18 times higher while the illumination intensity is~7.5 times higher for the SPP. Considering those numbers, the collection efficiency of the WFP was higher than the SPP; however, as the signal was divided a larger number of pixels, SNR was lower for WFP. Before bringing the system for clinical RS acquisition, collection efficiency still needs to be improved. Part of this optimization could be achieved using custom-made optic instead of off-the-shelf lenses to improve signal throughput. The custom design could also include a zero power optical windows in front of the first lens to bring the probe in contact with the tissue. During measurements, the tissue would be gently pressed on the front window of the probe to maintain the perfect focal distance for the object during the measurement.
In addition to the development of Raman imaging probes for intraoperative cancer surgery guidance, the approach used here has great potential to improve minimally invasive procedure performs with an endoscope or surgical robots. Both of those technologies are currently using imaging bundle to recreate white-light images of the tissue from which the surgeon guided himself through the tissue. However, white-light image suffers from poor contrast and pathological tissues are not always depicted clearly to the surgeon, which increases the time of analysis and the discomfort of the patient. In this paper, we demonstrate that under a few modifications Raman imaging modality could be added to currently used endoscopes using the imaging bundle channel to perform the detection. Surgical robot offers a better precision; however, they do not offer the palpation sensation of the tissue to the surgeon which may lead to lack of sensitivity compared to standard surgery. 42 The addition of an imagery modality as Raman spectroscopy could improve the sensitivity and overcome this lack.
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